Introduction
Acute respiratory distress syndrome ͑ARDS͒ presents a high mortality rate. Patients with ARDS frequently require a progressive increase of respiratory support for their survival. The most widely used therapies for research, development and treatment of ARDS are artificial ventilation, extracorporeal oxygenation, and intracorporeal oxygenation. Treatments based on extended mechanical ventilation and oxygen therapies cause barotrauma and volutrauma, which are characterized by progressive interstitial lung edema; decreased lung elasticity; contraction and hypertension of the lung vessels; diminished diffusion capability, and an increase of the alveolar-arterial gradient that leads to respiratory failure and death ͓9,10͔. Both types of oxygenatorsextracorporeal and intracorporeal-are defined as artificial lungs. Extracorporeal oxygenators are currently used for clinical applications and they have been clinically tested ͓1-7͔; whereas intracorporeal oxygenators are under development for future applications ͓8-20͔.
Artificial lung devices are designed to replace or increase the lung function by providing enough oxygen to the blood and removing carbon dioxide from the blood. The basic requirements for consumption of oxygen and removal of carbon dioxide in resting conditions for all metabolic processes are 270 ml/ min and 240 ml/ min, respectively. An artificial lung designed to replace the lung function should provide these gas exchange rates, but an artificial lung designed to complement, rather than replace the lung function, should provide at least half of the requirements for gas exchange ͓21͔.
The basic principles of gas exchange for both types of oxygenators are very similar. The fundamental concept behind artificial lung design is that gas exchange occurs across a membrane that separates a well-mixed liquid phase ͑such as blood͒, and a gas phase. In artificial lungs, the membrane is usually a hollow fiber membrane in an assembled fiber bundle. Current artificial lungs, as well as those currently being developed, increase the exchange surface area, diminishes the membrane thickness, and avoids direct contact between the gas phase and blood, to prevent the red cell haemolysis ͓9,22,23͔. The hollow fiber membranes resemble small polymer tubes which are microporous across the tube walls; the exchange occurrs by diffusion through the micropores.
Among the several intracorporeal artificial lung technologies are devices that either assist or replace the lungs, which are designed to be placed intratoraxically, or within the intravenous systems ͓24͔. Current efforts are targeted toward the development of an implantable intratoraxic artificial lung, to be used as a "bridge" to transplantation, since the demand for natural lungs is greater than the available supply ͓9,10͔.
The implantable gas exchange device ͑IGED͒, is an intratoraxic artificial lung developed for implantation with the pulmonary artery; therefore, it works cooperatively with the natural lung ͓25͔. This device can be used for the treatment of acute respiratory failure because the natural lungs remain in their place and the IGED can be removed once the natural lungs heal. In vivo experi-ments carried out in adult sheep have shown no substantial improvement with this device, because the oxygen exchange rates without and with the implanted device are 1.9 ml/ min and 2.1 ml/ min, respectively ͓10,25͔.
The objective of intravascular artificial lung development is to increase oxygen transfer to the blood and removal of carbon dioxide from the blood by intravenous oxygenation, through an approach that is less expensive, less care-intensive, and easier to manipulate than extracorporal oxygenators. The challenges in using intravascular oxygenators are defined by the anatomical and physiological constraints resulting from placement of the device within the venous system of the human body. Current intravascular devices are being developed for insertion within the inferior vena cava, the right atrium, and the superior vena cava, which define a useful length for implanting about 40 cm to 50 cm. The optimal desirable configuration for an intravenous oxygenator must allow uniform distribution of the hollow fiber membranes in the available space, maximize the interaction between the blood flow and the fibers, and minimize the tendency of the blood of leaving the hollow fiber membrane surface, where the gas exchange process occurs. The pressure drop because of the device placement within the vena cava must be lower than 10 mm to 15 mm Hg to prevent blood return ͓10,26͔. Therefore, intravascular devices must be smaller than devices used in extracorporeal oxygenation, and have a surface area smaller than 0.5 m 2 . An intravascular oxygenator is clinically appropriated if it is capable of providing at least 50% of the metabolic basal requirements of gas exchange, i.e., approximately 130 ml/ min of oxygen and 120 ml/ min of carbon dioxide, with a surface area of 0.5 m 2 . The intravascular oxygenator ͑IVOX͒ device, developed by Mortensen and colleagues, is the only device in the clinical trials phase ͓19-27͔ at the present time. The IVOX device, placed within the inferior vena cava, the right atrium, and the superior vena cava, consists of hundreds of hollow fiber membranes whose ends are attached to a central conductor gas tube. The oxygen is supplied by an external source to the interior of the hollow fibers, where it diffuses across the fiber walls to reach the blood flow. The carbon dioxide present in the blood flow diffuses to the interior of the hollow fibers to be conducted to the exterior. The extensive clinical trials, performed with IVOX devices of different sizes, varying numbers of hollow fiber membranes and surface area, show that the gas exchange rates for both oxygen and carbon dioxide, vary from 40 ml/ min to 70 ml/ min. These levels represent approximately 30% of the projected 50% of the basal requirements. Clinical trials have shown bleeding during insertion of the IVOX device and bad mechanical performance during the trials ͓16,28͔.
Description of the Intravenous Membrane Oxygenator (IMO).
The intravenous membrane oxygenaor ͑IMO͒, is an intravascular device created and developed at the University of Pittsburgh Medical Center ͑UPMC͒ by Hattler and colleagues ͓15,29,30͔. The IMO has an elastic balloon and hundreds of hollow fiber membranes. The polyurethane balloon is positioned around a central tube and pulsated to a given amplitude and frequency by introducing helium inside, through an external intraaortic pumping system. The hollow fiber membranes are arranged longitudinally and wrapped several times around the inflated balloon to create a fiber bundle of thousands of hollow fiber membranes. The fiber bundle, which has a particular radial thickness, is attached to the distal and proximal manifolds, as shown in Fig. 1 . The hollow fibers have an external diameter that varies between 240 m and 300 m, a length of 20 cm to 35 cm and a microporous diameter of 4 m to 5 m. During the experiments, this device is placed within the vena cava, or a plastic transparent tube for in vivo or in vitro experiments, respectively. The returning blood, or any other solution with a viscosity similar to the blood viscosity, flows longitudinally and radially within the vena cava between the vena cava and external fiber bundle surfaces, and between the internal fiber bundle and balloon surfaces, as shown in Fig. 1 . The oxygen enters the central tube through the proximal manifold and flows longitudinally within an internal tube until it reaches the distal manifold. In the distal manifold, the oxygen flows toward thousands of hollow fiber membranes. While the oxygen flows longitudinally within the hollow fiber membranes from the distal to proximal manifolds, it diffuses radially through the micropores of the hollow fiber membranes until it reaches the external surface of the hollow fibers. On the external fiber surface, the oxygen is transported radially and longitudinally by the blood flow. At the same time, the carbon dioxide within the blood diffuses into the hollow fibers surfaces through the micropores. Once the carbon dioxide is within the hollow fiber, it flows longitudinally and it is finally evacuated from the IMO with the oxygen that has not diffused to the blood flow. The transport of oxygen and carbon dioxide within and through the hollow fiber membranes is caused by oxygen and carbon dioxide differential partial pressures between the inlet and outlet of the IMO device. The geometrical dimensions and operating conditions of IMO prototypes which have been developed and tested are IMO length, L = 30-40 cm; inflated balloon diameter, D b = 6.5-12.5 mm; external fiber bundle diameter, D EFB = 15-20 mm; internal fiber bundle diameter, D IFB =8-15 mm; total number of fibers, N f = 650-2200; fibers per inch, fpi= 35-53; volumetric flow rate, Q =1-7 l/min; balloon pulsation frequency, f = 60-300 beats per min ͓9-13,29,31,32͔.
In vitro experiments have been carried out with several IMO device prototypes for different balloon frequency pulsations and a volumetric flow rates range. The in vitro experiments use both water and a glycerol solution with a viscosity similar to the blood ͓11͔. The early use of visualization techniques allowed the UPMC team to qualitatively corroborate the existence of at least a twodimensional flow, when the balloon was pulsating to a given amplitude and frequency ͓29͔. Results of further in vitro experiments showed that the IMO device generates low pressure drops, and that the pressure drop increased with the volumetric flow rate and balloon pulsations. These in vitro experiments showed that the oxygen exchange rate for a volumetric flow rate of 3 l / min increases with the balloon pulsations until it reaches a plateau ͓11͔. However, recent ex vivo experiments, performed with an improved device configuration, have increased the oxygen transfer rates over the plateau for higher balloon pulsations ͓12,32͔. Other recent in vitro experiments have also measured the carbon dioxide exchange rates for several other geometrical configurations and operating condition parameters ͓31,33͔.
Current in vitro experiments are testing different IMO configurations to evaluate the device under a broad set of anatomical and physiological constraints, such as volumetric flow rate, inferior vena cava, right atrium, and superior vena cava lengths, and vena cava diameter. From the current in vitro experiment results, we have determined that IMO performance depends on at least seven variables or parameters ͓34͔. These results also show certain variability and apparently random behavior-particularly when other parameters, such as the number of hollow fiber membranes, fiber density packing, and inflated balloon length and diameter-are varied simultaneously from one experiment to another.
Purpose and Objectives. The purpose of our research is to investigate the flow and mass transfer characteristics of an IMO device, using realistic and correct computational models; to determine the relevant parameters of the IMO device, and to reduce the complexity of the fundamental variables in order to develop a design methodology for optimal IMO performance. By using accurate and reliable numerical simulations with a threedimensional ͑3D͒ computational model of the IMO device, we expect to determine and evaluate the flow and gas exchange characteristics and the effect of balloon pulsation on the flow pattern; and, achieve a better understanding of flow mixing and gas transport by determining the qualitative and quantitative flow mixing characteristics and gas exchange rates for different geometrical configurations and operating conditions ͓35-40͔.
This article describes computational investigations of pressure drop, and flow mixing and oxygen transfer characteristics, for stationary and pulsating balloons, using 3D computational models of an IMO device. First, using direct numerical simulations of 3D computational models, the pressure gradient for different numbers of fibers in the fiber bundle was determined. The effect of fiber placement, on both the pressure gradient and flow pattern within the fiber bundle of a stationary balloon, was investigated for staggered and non-staggered fiber configurations. The existence of 3D flows, and the evolution of the flow pattern for increasing volumetric flow rates, was determined. The effect of balloon pulsations on the flow mixing characteristics, and the existence of secondary flows around the fibers was examined, and the oxygen transfer characteristics for stationary and pulsating balloon conditions were evaluated. Last, using analytical models, we investigated the effect of the fiber bundle placement within the vena cava using concentric and nonconcentric configurations on the pressure gradient for a stationary balloon.
Computational Simulations and Modeling of the IMO Device
Physical Model Description, Assumptions and Governing Equations. In this investigation, physical and computational models are based on in vitro experiments with the IMO device configuration. The oxygenator is placed within a plastic transparent cylindrical tube 2.5 cm in diameter, as shown in the schematic of Fig. 2 . Following are the assumption and constraints for the physical model:
͑1͒ The balloon inflates and deflates in the radial directionuniformly in the longitudinal direction-and preserves its cylindrical shape during the process of inflation deflation. ͑2͒ The hollow fiber membranes are equally spaced in the tangential direction of the fiber ring. ͑3͒ The flow pattern around the fibers depends both on the longitudinal flow rate and the radial flow generated by balloon pulsations. ͑4͒ Fibers in the fiber bundle are placed in several concentric cylindrical rings of fibers. These rings are uniformly distributed in the radial direction between the internal and external fiber bundle diameters, D IFB and D EFB , respectively. ͑5͒ The hollow fiber-membranes bundle curvature, at both the proximal and distal manifolds, affects the flow pattern and gas exchange characteristics; however, in this work, this is neglected. Further investigations take into account the curvature effect. ͑6͒ The blood is considered to be a Newtonian incompressible fluid. ͑7͒ The balloon pulsations originate a time-dependent incompressible three dimensional ͑3D͒ flow. ͑8͒ To accurately capture flow and gas transport characteristics, precise and reliable computational models are necessary to describe the IMO characteristics for a wide range of geometrical configurations and operating conditions, and adequate temporal and spatial computational domain discretization is also required.
In this computational investigation, we consider that the transport of oxygen is due to both molecular diffusion and bulk convection. Molecular diffusion is important across the vena cava wall; whereas, bulk convection is important in the blood flow within the vena cava. It is known that most of the oxygen is carried out in reversible combinations, with the hemoglobin contained in the blood cells. However, although hemoglobin transport of oxygen is fundamental to describe precisely the oxygen diffusion process, in this study, the oxygen transport within the blood is described by a model of nonreactive species transport, given by the conservation of species equation. Thus, the governing equations of the time-dependent blood flow and oxygen transport are given by the conservation of mass, momentum and species Eqs. ͑1͒-͑3͒
where v ជ =v ជ͑r ជ, t͒ = uî+ vĵ+ wk is the velocity vector; r ជ= xî+ yĵ+ zk and t represent space and time, respectively; D is computational domain; p is pressure; is density; is dynamic viscosity; C is oxygen concentration; and D m is oxygen diffusivity in blood.
A computational 3D model, based on the full geometry of the IMO device physical model, shown in Fig. 2 would demand a huge computational resources in terms of CPU time and storage capacity. Simulations of a full 3D model would take several months of dedicated and continuous CPU time to process one case for one given geometrical configuration and operating condition. To overcome these limitations, we developed two computational models that are less geometrically complex and which require a lesser amount of computational resources. These computational models are based on the physical model indicated in Fig. 2 . Figure  3 shows a schematic of the first computational model used in this investigation. This model describes the flow and oxygen transport characteristics for stationary and pulsating balloon operating conditions with a computational discretization that can be processed in high end workstations and supercomputers. Figure 3͑a͒ shows a schematic of the physical domain of the first model, which corresponds to the midsection of the physical model. For clarity, few fibers are shown. This model neglects the inlet and outlet geometric end effects of the IMO and considers that the fibers remain stationary and rigid, with their longitudinal axis parallel to the longitudinal-z direction. Figure 3͑b͒ shows three computational domains with one, two, and three fibers, which correspond to one, two, and three rings of fibers, respectively. Each domain represents 1 / 128 part of the physical domain of the first model shown in Fig. 3͑a͒ . The total number of fibers in each computational model is 128, 256, and 384 fibers, uniformly distributed between the vena cava and balloon walls in one, two, and three fiber rings, respectively. The longitudinal and tangential lengths of these computational domains are L = 4 cm and W = 500 m, respectively; the distance between vena cava and balloon is 0.5 cm; and, the fiber diameter is D f = 250 m. Figure 4͑a͒ shows a schematic representation of the second computational model, in which only a few fibers are shown, for the sake of clarify. The computational longitudinal length ͑L =7 cm͒ is larger than the first model length, and as in the first model, the fibers remain stationary and rigid. Figure 4͑b͒ shows a schematic of the computational domain for this model, which represents the 1 / 128 part of the physical domain. The actual computational domain has three fibers between vena cava and the balloon in three fiber rings, which represent 384 fibers in three fiber rings.
The flow and oxygen transport boundary conditions for both the first and second models are indicated below. For simplicity, Fig. 5 shows a schematic of the 3D computational domain D of the first model, with one fiber to indicate computational domain boundaries. The domain D is bounded by ‫ץ‬D = ‫ץ‬D a ഫ ‫ץ‬D t ഫ ‫ץ‬D R , where ‫ץ‬D a , ‫ץ‬D t , and ‫ץ‬D R represent the computational boundary surfaces at the longitudinal z, tangential x, and radial y directions, respectively. The boundaries ‫ץ‬D a and ‫ץ‬D t represent fluid surfaces; whereas, boundaries ‫ץ‬D R = ‫ץ‬D vc ഫ ‫ץ‬D b and ‫ץ‬D f represent solid surfaces; ‫ץ‬D vc and ‫ץ‬D b represent the vena cava and balloon walls, respectively, and ‫ץ‬D f represents the fiber wall.
The kinematics boundary conditions are where L and W are the length and width of the computational domain, respectively. ͑3͒ A negative pressure gradient in the longitudinal-z direction ͑x,y,z,t͒
where f͑t͒ is the driving pressure gradient or pumping power per unit of flow rate; = p + 1 2 v ជ ·v ជ is the dynamic pressure; and, p and v ជ are the same as in Eq. ͑2͒. ͑4͒ Simulations with balloon pulsations require a radial velocity on the balloon surface ‫ץ‬D b , given by
where f = 60 beats per minute ͑1 Hz͒ and A = 0.078539, are the frequency and amplitude of balloon pulsations, respectively.
The oxygen transfer boundary conditions are ͑3͒ A self-similar oxygen concentration profile in the longitudinal direction, given by C͑x,y,z,t͒ = · z + C ͑x,y,z,t͒ z=0 ͑12a͒
C ͑x,y,z,t͒ z=0 = C ͑x,y,z,t͒ z=L on ‫ץ‬D a ͑12b͒ For the second model, we impose nonslip conditions on the vena cava, fibers, and balloon walls; a constant volumetric flow rate at the inlet; outflow at the outlet, and periodicity in the tangential direction.
Spectral Element Method Solution Methodology. The mass, momentum, and species conservation Eqs. ͑1͒-͑3͒, respectively, are solved using a computation based on the spectral element method ͑SEM͒. This method combines the geometrical flexibility characteristics of the finite element methods ͑FEM͒, and the high Transactions of the ASME accuracy of the spectral techniques ͓41-43͔. SEM is a domain decomposition technique that takes the advantages of both the nonstructured global and structured local discretizations. In the SEM methodology, the computational domain is subdivided into brick-type macroelements, with Chebyshev collocations points within the macroelement and on their boundaries. Each macroelement is isoparametrically mapped from the physical ͑x , y , z͒ space to the local computational ͑ , , ͒ space. Then, the variables that describe geometry, velocity, pressure, and oxygen concentration on each macroelement are represented as a tensor product of highorder Lagrangian interpolants and nodal values of the geometry, local velocity, pressure, and oxygen concentration at the collocation points, defined as
where h i ͑͒ , h j ͑͒ and h k ͑͒ are local Lagrangian interpolants; ͑x ជ ,v ជ , ⌸ , C͒ ijk e are the geometry, velocity, pressure, and oxygen concentration nodal values in the global physical ͑x , y , z͒ space, and ͑x ជ ,v ជ , ⌸ , C͒͑ , , ͒ are the nodal values in the local ͑ , , ͒ space. The h i ͑͒ , h j ͑͒, and h k ͑͒ Lagrangian interpolants are written as
where the T n are the Chebyshev polynomials and m , l = i , j , k ; = , , . The discrete physical ͑x , y , z͒ space is defined in terms of
where K is the number of spectral macroelements and N 1 , N 2 , N 3 are the degrees of the piecewise high-order polynomials in the ͑ , , ͒ directions, respectively. The local and physical collocation points, chosen to insure rapid convergence of the resulting expansions, are defined as x j i = cos͑j͒ / N i . The temporal discretization of the governing Eqs. ͑2͒ and ͑3͒, is performed through a three-step time-stepping method proposed by Patera ͓43͔. In the first step, the nonlinear convective terms are treated explicitly by a third-order Adams-Bashforth scheme with a temporal accuracy of O͑⌬t 3 ͒. In this step ͑due to the explicit treatment of the convective terms͒, restrictions on the time step size ⌬t must be enforced in order to obtain stability. In this step, only data from previous time steps are used and there are no matrix inversions, only matrix-vector product evaluations. In the second step, the pressure terms are calculated by an implicit second-order differentiation backward scheme with a temporal accuracy of O͑⌬t 2 ͒. In this step, the nonpenetration boundary condition is imposed and the velocity field satisfies the conservation of mass equation. Last, in the third step, viscous terms are treated by an implicit second-order Crank-Nicolson scheme with a temporal accuracy of O͑⌬t 2 ͒ that restricts unreasonably small time-step sizes and imposes the boundary conditions. The conservation of species Eq. ͑7͒, is solved by a two-step semi-implicit time-stepping scheme. In the first step, the convective terms are solved by an explicit third-order Adams-Bashforth scheme. In the second step, the diffusion terms are solved by an implicit second-order CrankNicolson that imposes all the boundary conditions. The resulting equations of these schemes are treated by Galerkin variational approach and collocation schemes ͓42,43͔.
Simulations with a stationary balloon require a timeindependent geometry with collocation points attached to the stationary mesh. Pulsation balloon simulations consider a timedependent geometry with collocation points attached to the moving mesh that deforms and moves with an unknown velocity-except where the sinusoidal velocity boundary condition is imposed. The algorithm to solve this time-dependent flow domain is as follows: The mesh velocity is defined at each collo- cation point on the moving boundary to characterize the deformation of the mesh. In the solution of the mesh velocity, the values of the mesh velocity at the moving boundary are first computed using appropriate kinematic conditions-the imposed sinusoidal velocity. On all the other external stationary boundaries, the normal and tangential mesh velocities are set to zero. To obtain the mesh velocity at all interior collocation points, an elliptic solver was used to clarify the resulting boundary value problem for the mesh velocity. The updated geometry is then computed by integrating the entire mesh velocity field explicitly in time by a thirdorder Adams-Bashforth scheme. The stability restriction for this integrating scheme is the same as is described at the beginning of this section for the convective terms of the governing equations. Even though the geometry is time-dependent, the number of macroelements, the order of the macroelements, and the topology of the mesh remain unchanged. The use of an Arbitrary-LagrangianEulerian description ensures that the moving boundaries are tracked with the minimum amount of mesh distortion. Additionally, the elliptic solver used for the boundary value problem can handle moderately large mesh deformations. In all simulations, a good balance was maintained between accuracy and stability, with an acceptable deformed mesh ͓44͔.
To obtain a sufficiently accurate temporal and spatial representation of velocity, pressure, and oxygen concentration in a reasonable amount of CPU time, several computational discretizations were developed for both the first and second models. In each discretization, the computational domain longitudinal length is subdivided with several layers of 3D macroelements. Each macroelement contains an equal number of collocation points in the longitudinal-z, tangential-x, and radial-y directions. Several good meshes with an increasing number of macroelement and collocation points are developed to determine the best mesh for stationary and pulsating balloon simulations. The asymptotic behavior of both the velocity and oxygen concentration fields, near the fiber and balloon walls were studied, where steep velocity and concentrations gradients are expected for a given Reynolds number. The good mesh is obtained when velocity and oxygen concentration profiles at given locations did not change more than 2%, as the Figures 6͑a͒ and 6͑b͒ shows the spectral element discretizations for the first and second computational models, with one and three fibers, respectively. The first model discretization, with one fiber, has about 32,000 nodes; whereas, the second model discretization, with three fibers, uses 60,000 nodes. All discretizations use a large number of smaller macroelements near the fiber surface to capture expected high velocity and oxygen concentration gradients. Larger macroelements are used close to both the vena cava and balloon walls for stationary balloon simulations. Pulsating balloon simulations require a finer mesh and smaller macroelements near the balloon surface because the computational mesh deforms continuously during balloon pulsations. The methodology to obtain asymptotic steady or time-periodic stable states for a given Reynolds number, consists of integrating in time the equations of conservation of mass, momentum, and species from arbitrary initial conditions. Once an asymptotic stable state is obtained, the pressure gradient is increased, and the governing equations for this new Reynolds number are solved using the previous asymptotic state as an initial condition. This procedure is repeated as many times as the pressure gradient is increased. The parameter values are dynamic viscosity =3ϫ 10 −3 Pa s, density = 1050 kg/ m 3 , and oxygen diffusivity on blood D m = 1.05 ϫ 10 −9 m 2 /s.
Numerical Simulation Results and Discussion
Numerical Simulation Pressure Drop. Numerical pressure gradients are obtained using the 3D IMO device computational models. The first model neglects the fiber-bundle curvature where the IMO device ends; whereas, model two takes into account the curvature at both ends. Numerical simulations with a stationary balloon are performed on the first model with one, two, and three fibers, and on the second model with three fibers, up to a volumetric flow rate of 5 l / min. Numerical simulations with balloon pulsations on the first model were performed with one fiber for low volumetric flow rates, due mainly to hardware limitationsspecifically CPU time. Balloon pulsation simulations for larger volumetric flow rates, comparable to simulations with a stationary balloon, demand a huge amount of CPU time because the timedependent balloon motion and the deforming mesh demands very small temporal steps ⌬t. Balloon pulsation results with larger volumetric flow rates will be reported soon. To investigate the effect of changing the fiber location within the fiber bundle, we perform numerical simulations for a stationary balloon with two and three fibers, in two and three fiber rings, respectively, in staggered and non-staggered positions ͓45-48͔. Schematic representations of the first model with one, two, and three fibers in staggered and non-staggered positions are shown in Fig. 7 . Figure 8 shows pressure gradients for increasing volumetric flow rates for both the first and second models. As shown in Fig.  8͑a͒ , the pressure gradients for staggered and non-staggered fiber arrays increase linearly with volumetric flow rate in the range of 0.01 l / min to 1.5 l / min. The pressure gradient remains the same, regardless of the configuration of staggered and non-staggered fibers within the fiber bundle for the volumetric flow rate of these simulations. In Fig. 8͑b͒ , the pressure gradient in two-and threefiber configurations increases linearly with the number of fibers in the fiber bundle. Finally, Fig. 8͑c͒ shows numerical simulations obtained with the second model, and in vitro experiments pressure gradients as a function of the volumetric flow rate for a stationary balloon. The second model is closer to the in vitro experiment configuration. The pressure gradient increases linearly with the volumetric flow rate in the range of 0.3 l / min to 0.9 l / min, and the numerical and in vitro experiments pressure gradient are of the same order of magnitude, although the numerical results are slightly higher than the in vitro results. This difference between the numerical and in vitro results is caused by the perfectly concentric placement of the fiber bundle and balloon within the vena cava, which is assumed in the second model, and the abrupt direction change in the flow when it enters the computational domain in the second model. In the in vitro experiments device, the change in the flow direction change is much smoother; therefore there is less loss of energy and pressure gradient. In vitro experiment visualizations show that the placement of the fiber bundle within the plastic tube is not concentric; the fiber bundle and balloon rest on the plastic tube. The fiber bundle density of the in vitro experiments is also much higher than in the second model, which makes the flow in the in vitro experiments unidirectional. The larger separation among fibers in the computational domain allows the existence of a longitudinal flow among the fibers. Therefore, the flow in the computational second model loses energy by friction in its longitudinal downstream motion, and in the proximal and distal ends. Figure 9 shows the pressure gradient for increasing volumetric flow rates obtained with the first model with one fiber for a stationary and a pulsating balloon at 60 beats per min. For both configurations, and for the volumetric flow rates of these simulations, the pressure gradients are similar and remain very close because of the external source of energy to pulsate the balloon.
Analytical Model Description and Pressure Gradient
Results. Three analytical models were used to investigate the effect of the placement of the IMO device within the vena cava on the pressure gradient. As is shown in Fig. 10 , all models neglect the fiber bundle curvature at both manifolds and therefore, its effect on flow and oxygen transfer characteristics. These models assume the existence of a longitudinal flow between the vena cava and fiber bundle. In the first model, the balloon wall coincides with the internal diameter of the fiber bundle, and therefore, the pressure gradient is caused only by friction of the longitudinal flow between the vena cava wall and the external fiber bundle surface. This model consists of two concentric cylinders with a length L, and constant cross sections, as shown in Fig. 10͑a͒ . The external cylinder diameter corresponds to the vena cava diameter D vc ; whereas, the internal cylinder diameter corresponds to the external fiber bundle diameter D EFB . The pressure gradient is given by
where is the dynamic viscosity and Q is the volumetric flow rate, which varies from 1 l / min to 7 l / min; D vc = 2.5 cm and D EFB varies from 1.5 cm to 2.0 cm, depending on the total number of fibers and the fiber bundle packing density. The second model assumes that the fiber bundle rests on the vena cava surface as shown in Fig. 10͑b͒ . The internal cylinder touches the bottom of the external cylinder at only one point. The pressure gradient is given by
Model 2 where f =64/Re H is the friction factor, and Re H is the Reynolds number, based on the hydraulic diameter D H =4·A / P. Q is the volumetric flow rate, A is the cross-section area between both cylinders, P is wet perimeter, and is density. The third model assumes that both the fiber bundle and the balloon rest on a larger surface of the vena cava wall, as shown in Fig. 10͑c͒ . The pressure gradient is given by
where V = Q / A is the mean velocity; Q the volumetric flow rate, and A is the wet cross-section area; D H is the hydraulic diameter which takes into account the larger contact surface between the fiber bundle and vena cava. In this investigation we assume that the contact perimeter between both surfaces is about 7.6% of the external fiber bundle perimeter. Figure 11 shows pressure gradients obtained with the analytical models for a volumetric flow rate range of 1.8 l / min to 4.8 l / min. The results from the analytical model show that the pressure gradient increases linearly with the increase in volumetric flow. For any given volumetric flow rate in the range indicated above, the analytical pressure gradient decreases from Model 1 to Model 3. In the first analytical model, the flow is between the vena cava wall and external fiber bundle surface. Because of the small space between these two surfaces, there is a high loss of energy by friction in both surfaces, and consequently there is a high pressure gradient. In the second model, the external surface of the fiber bundle rests on the vena cava wall. The flow follows the lowest energy path through the region where the separation between the two surfaces is the largest; therefore, there is a lower flow resistance than the first model. In the third model, the pressure gradient is even lower than in the analytical first and second models. This third model has a larger cross-section area and a relatively smaller wet perimeter than the other models. Thus, this configuration produces a lower flow resistance than the previous two models, which leads to a lower loss of energy.
These results demonstrate that from a pressure gradient viewpoint, for a stationary balloon, the best physical placement of the IMO device within the vena cava, is when the fiber bundle and the balloon "rest" on a relatively small surface area of the vena cava. Whether the flow pattern and gas exchange rates are affected with this placement, and whether the pressure drop increases or decreases with balloon pulsations are questions that cannot be answered using these analytical models. Experiment and computational simulations can provide some answers to these questions.
In this research, we have investigated those aspects related to flow pattern and correlation between flow characteristics and gas exchange rates enhancement, since detailed and extensive computational simulations can provide local and global information on these multivariable phenomena.
Flow Mixing Characteristics for a Stationary and Pulsating
Balloon. Numerical simulations with a stationary balloon are performed up to a Reynolds number of Re= 455. The Reynolds numbers Re, is based on the vena cava diameter and mean velocity D vc and Û , respectively. Figure 12 shows flow mixing characteristics for a stationary balloon obtained with the first model with one fiber. Figure 12͑a͒ shows the temporal evolution of the longitudinal-u z velocity through several steady-state flow regimes in characteristics points of the computational domain for successive increases in the Reynolds number. Both the radial-y and tangential-x velocities are zero. For this Reynolds number, the streamlines remain parallel to the longitudinal direction as shown in Fig. 12͑b͒. Figure 12͑c͒ depicts velocity vectors for a steady state Reynolds number of 341 at three planes perpendicular to the longitudinal-z direction. It is observed that the velocity vectors are parallel to the longitudinal direction everywhere except on the fiber surface, where the nonslip condition ͑v ជ =0͒ is preserved. The longitudinal velocity profiles develop a parabolic shape between the vena cava and fiber, and between the fiber and the balloon wall, as is also shown in Fig. 12͑d͒ . These results demonstrate that for a stationary balloon, the flow is time independent, bidimensional, and parallel to the longitudinal-z direction, parabolic in shape and with absence of secondary flows. Without balloon pulsations and for the Reynolds numbers of these simulations, flow mixing is poor because the fluid particles path coincides with the streamlines and fluid particles that are initially close to or far from the fiber, remain in that condition. This flow pattern demonstrates that although there is a strong transport of momentum and convective flow in the longitudinal-z direction, this mechanism is ineffective to transport oxygen radially from the fiber surface to the mean flow and vice versa. Figure 13 shows velocity vector representations for staggered and non-staggered configurations obtained in the first model using two and three fibers for a stationary balloon. We observe that with two and three fibers, the flow remains steady state, laminar, and parallel to the longitudinal direction and without secondary flows, regardless of the geometrical placement of the fibers in the fiber rings. The staggered and non-staggered placement of the fibers does not change the parabolic shape of this flow among the fibers, but the tangential location of the maximum longitudinal velocities. Figure 14 shows longitudinal velocity profiles for the first model, with two and three fibers in staggered and non-staggered configurations, at the positions indicated as B-B in Fig. 5 . In the non-staggered configuration, the maximum longitudinal velocity develops between the upper and lower fibers; whereas, for the staggered configuration, the maximum velocity develops between the vena cava and upper fiber and between the lower fiber and the balloon wall. For the three fibers model, the fiber placementeither as a non-staggered or staggered configuration-produces a very small change in the magnitude and shape of the velocity profiles. Regardless of staggered or non-staggered fiber placement within the fibers ring, there is no secondary flow, which demonstrates that for a stationary balloon the flow mixing characteristics are not affected by the placement of the fibers within the fiber rings. Figure 15 shows time-dependent representations of the velocity field for a pulsating balloon, with a low volumetric flow rate obtained with the first model with one fiber. With balloon pulsation simulations, the computational domain is time dependent and deforms continuously, due to balloon pulsations. The total displacement of the balloon wall is 0.25 mm, or 5% of the nondeformed space between the vena cava and balloon walls for a stationary balloon. The flow mixing characteristics are shown in different regions of the computational domain to show the time-dependent flow mixing pattern originated by balloon pulsations. Figure 15͑a͒ shows the three velocity components temporal evolution for points B and C, located near the fiber, as indicated in Fig. 5 . In both points, the radial-y velocity resembles the sinusoidal oscillatory nature of the balloon motion. Most of the momentum flux generated by the balloon pulsations is transported from the balloon wall to the fiber region due to the incompressible nature of the blood. The longitudinal-z velocity in both points also resembles the sinusoidal balloon motion; whereas, the tangential-x velocity develops oscillatory and random behaviors at points B and C, respectively. The behavior of the velocity components is particularly interesting because it demonstrates the existence of strong flow mixing near the fiber, which continuously transports fluid particles from below to above the fiber and vice versa. Figure  15͑b͒ shows four instantaneous representations of velocity vectors for a one-time period of the simulations. The up-and-down timedependent secondary flow around the fibers enhances the flow mixing and transport of momentum flux and oxygen concentration from the fibers to the upper and lower regions. The balloon radial pulsations also originate a time-dependent pulsatile longitudinal Fig. 15͑c͒ . The longitudinal flow develops a negative velocity in certain times of the periodic balloon pulsations that also contributes to enhancing the flow mixing. These results demonstrate that balloon pulsations enhance flow mixing by transporting time-dependent momentum flux from the balloon wall to other regions and, consequently, transporting fluid particles with oxygen from the fiber surface, where the fluid is rich in oxygen, to other regions poorer in oxygen ͓44,46͔. Figure 16 shows a steady-state and laminar velocity vector field for a stationary balloon obtained from the second model with three fibers. Under this operating condition, the velocity field presents two regions-the mid and end regions-with specific flow characteristics. In the oxygenator midsection, far off the proximal and distal ends, the flow is bidimensional, parallel to the longitudinal direction and without secondary flow. This flow pattern is similar to that of the first model, with three fibers. The flow mixing in the midsection is poor because the flow is parallel to the fiber axes, and there is no radial momentum flux to carry out oxygen-by fluid particles-from the fiber surface. In both the proximal and distal ends, the flow pattern is characterized by a steady-state, three-dimensional velocity field with important secondary flows that are perpendicular to the longitudinal flow. In both the proximal and distal ends, the flow changes direction and there is a radial momentum flux going up and down around the fibers. This momentum flux is time independent and continuous in time, and it originates in an improved flow mixing region with respect to the mid region. These results demonstrate that both the Oxygen Transfer Characteristics. This section describes the oxygen transfer characteristics for a stationary balloon for the Reynolds number range of Re= 4 -455, and for a pulsating balloon for a low Reynolds number flow. In all the numerical simulations, a constant oxygen concentration value of C w = 1.0 ϫ 10 −5 ml O 2 / ml was imposed at the fiber surface. Figure 17͑a͒ shows iso-oxygen concentration representations of a cross section perpendicular to the longitudinal direction for a stationary balloon obtained with the first model with one fiber. The oxygen concentration remains mainly around the fiber, with maximum values on the fiber surface and a fast decay to a zero value elsewhere. This characteristic originates because there is not oxygen transport in the radial direction from the fiber surface to the mean flow, although there is a strong convective oxygen transport in the longitudinal direction. Figure 17͑b͒ shows the oxygen concentration profile for a Reynolds number, Re= 28, at the A-A section of the computational domain shown in Fig. 5 . There is a steep oxygen concentration gradient at the fiber surface, where the oxygen concentration reaches a maximum that decays fast to a zero value. The oxygen concentration profile shape repeats itself along the longitudinal direction. The oxygen concentration profiles and their gradients at the fiber surface remain similar in shape and size when the Reynolds number increases in the range of the stationary balloon simulations. Figure 18 shows instantaneous representations of the oxygen concentration field with balloon pulsations for a low volumetric flow rate. Figure 18͑a͒ shows an instantaneous three-dimensional view of the oxygen concentration field within the domain; whereas, Fig. 18͑b͒ shows a side view of a smaller section of the domain of Fig. 18͑a͒ . The oxygen concentration field resembles the time-dependent wavy nature of the velocity field, which generates waves that travel downstream to a given frequency. This representation demonstrates that a fluid particle can carry out oxy- gen when it gets close to the fiber and moves away from the fiber region as it travels downstream, as shown in Fig. 18͑b͒ . In Fig.  18͑c͒ , we show a sequence of eight instantaneous representations of the oxygen concentration field for a one-time period of a cross section that is perpendicular to the longitudinal direction. This figure shows that there is a time-dependent-not uniform oxygen concentration-around the fiber, which is generated by the periodic balloon pulsations. This oxygen concentration pattern around the fiber is also due to the longitudinal pulsatile flow, which therefore, enhances the oxygen transport in all directions and increases the oxygen transfer rates. Figure 19 is the bulk oxygen concentration at the domain inlet; Û is the time-dependent space-averaged longitudinal velocity at the domain inlet; and u͑t͒ and C͑t͒, are the time-dependent longitudinal velocity and oxygen concentrations at the domain inlet, respectively. This figure demonstrates that the oxygenator reaches higher oxygen transfer rates with pulsating than with a stationary bal- Transactions of the ASME loon. Although this behavior develops for the low Reynolds number of these simulations, it demonstrates that balloon pulsations produce flow mixing enhancement, which in turn increase the oxygen transport from the fiber surface to the mean flow ͓44-48͔.
Concluding Remarks
Analytical model and numerical simulation results demonstrate that for a stationary balloon, the pressure drop increases linearly with the increase of the volumetric flow rate. Balloon pulsations and longitudinal low volumetric flow rates induce pressure gradients that are very close to stationary balloon pressure gradients. Analytical model results demonstrate that a lower pressure gradient is generated when the fiber bundle is placed on the vena cava wall.
Simulations with a stationary balloon demonstrate that the effect of increasing the number of fiber rings within the fiber bundle is to produce a reasonably small increase in the pressure gradient, and that the pressure gradients are the same regardless of the non-staggered or staggered fibers configuration within the fiber bundle.
For a stationary balloon, the flow pattern is characterized by two well-defined regions along the physical device. In both, the proximal and distal oxygenator ends, the flow is steady, threedimensional, and with secondary flows around the fiber. However, in the oxygenator midsection, although the flow remains steady and parallel to the longitudinal direction, the flow is parabolic in shape and without secondary flows.
Successive increases of the Reynolds number increase only the longitudinal velocity magnitude. For a stationary balloon, the existing convective transport mechanism is related to the longitudinal velocity. The flow mixing characteristics are not affected by the placement of staggered or non-staggered fibers within the fiber bundle.
Balloon pulsations generate a three-dimensional timedependent flow characterized by an oscillatory radial velocity, a pulsatile longitudinal velocity, and both oscillatory and random tangential velocities, which enhance the flow mixing. This threedimensional velocity field increases the flow mixing in the whole domain and particularly around the fibers. The time-dependent balloon pulsations generate waves that travel downstream, inducing an oscillatory boundary layer and generating a strong timedependent secondary flow.
For a stationary balloon, the oxygen transport from the fiber surface to the mean flow is due to the dominant radial diffusion mechanism. On the fiber surface, the concentration of oxygen is high, and decreases rapidly to zero elsewhere. In addition, the longitudinal convective transport mechanism is not effective in taking oxygen away from the fiber surface. The oxygen transfer rate reaches an asymptotic behavior at relatively low Reynolds numbers whereas the Sherwood number becomes constant and independent of the Reynolds number.
For balloon pulsations, the time-dependent oxygen concentration field resembles the time-dependent flow field. The oxygen concentration boundary layer resembles the oscillatory and wavy nature of the velocity time-dependent boundary layer, which originates an irregular and asymmetric oxygen concentration layer around the fibers. Due to better flow mixing, the fluid particles move around the fibers as the flow travels downstream and takes the oxygen away. Balloon pulsations cause a higher oxygen transfer rate than would occur without balloon pulsations. nia's Department of Economic and Community Development, and ICES, is gratefully acknowledged. We appreciate the contribution of Hugo J. Loyola, and the financial support of the Chilean National Science Foundation ͑Fondecyt͒, and Universidad de Santiago de Chile.
Nomenclature
A ϭ area, wet cross-sectional area, amplitude of balloon pulsations C ϭ oxygen concentration D ϭ computational domain K ϭ number of spectral macroelements 
